Abstract. A new non-invasive method to measure the optical properties of biological tissue is described. This method consists of illuminating the investigated sample with light which is spatially periodically modulated in intensity. The spatial modulation of the backscattered light and the diffuse reflectivity of the sample, both detected with an imaging technique, are used to deduce the absorption and reduced scattering coefficient from a table generated by Monte Carlo simulations. This principle has three major advantages: Firstly, it permits the immediate acquisition of the average values of the optical coefficients over a relatively large area (typ. 20 mm in diameter), thus avoiding the perturbations generated by small tissue heterogeneities; It also provides good flexibility for measuring the optical coefficients at various wavelengths and it does not require the use of a detector with a large dynamic range. The method was first validated on phantoms with known optical properties. Finally, we measured the optical properties of human skin at 400 nm, 500 nm, 633 nm and 700 nm in vivo.
INTRODUCTION
A knowledge of light distribution in living tissue is useful in predicting, analysing and understanding the photobiological, photophysical, and photochemical processes which occur in such a medium. Numerous models of light distribution in homogeneous turbid media have been described in recent years. Most of them are based on the transport equation and the diffusion approximation [1] [2] [3] . The distribution of red and near infrared light in tissue can be obtained with analytical solutions of the diffusion equation for simple geometrical conditions or with numerical techniques such as Monte Carlo simulations [4, 5] . These solutions are used, for example, to optimise the photodynamic therapy of cancer [6] or to model and optimise the characterisation of tissues using light-induced fluorescence spectroscopy [7, 8] .
A turbid medium can be characterised by four optical parameters: the absorption ~i a
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(mm -1) and the scattering gs (mm-1) coefficients defining the probability p for a photon to be absorbed (p=l-exp(-g~z)) and scattered (p=l-exp(-gsz)) respectively in the pathlength z, the phase function describing the probability density for a photon to be scattered in a certain direction, and the refractive index ntissue. In the case of an anisotropic phase function, as found in biological tissue, the Henyey-Greenstein [9] and Rayleigh-Gans [10, 11] functions are often used. The scattering is described by the average cosine g of the scattering angle. Typical values of g range between 0.8 and 0.95 [12] for soft mammalian tissues. The reduced scattering coefficient ~'=gs(1-g) can be used to describe the scattering, if two kinds of scattering media give the same light distribution, which have identical ~a but different anisotropy parameter g and scattering coefficient ~. This is generally accurate if the medium is very diffusing, i.e. ~ts'>>~i a and if the light distribution is studied where it is not close to boundaries and the illumination point [13, 14] . Often it is appropriate to describe the propagation of light by the diffusion model parameter }xef r (ram-1), the effective attenuation coefficient. It is defined by the relation: ~e~= [3~ia(~ta+~is')] 1/2. Its inverse is the effective penetration depth of light.
Several groups have proposed in vivo and ex vivo methods to determine the optical parameters of tissues. Ex vivo measurements are obviously more simple to perform than the in vivo ones, however the change of blood contents, tissue architecture, oxygenation, etc. between the in vivo and ex vivo conditions as well as the handling of the tissue sample significantly change the optical coefficients after excision [15] . Several methods were, therefore, investigated in order to obtain the tissue optical coefficients in a non-invasive way. Among these were the following: pulsed photothermal radiometry [16] , time-resolved refiectometry [17] , frequency-domain reflectometry [18] , and relative [19, 20] and absolute [21] steady-state spatially resolved diffuse reflectometry. One reported main drawback of these 'local' techniques is related to the large fluctuations generated by tissue inhomogeneities located at the illumination and/or detection positions [22] .
The method presented below means that such artefacts can be avoided by probing a relatively large area in vivo (typ. 10-20 mm in diameter) while preserving the non-invasive aspects and the possible endoscopic use. The measurement method, although based on Monte Carlo simulations, gives the necessary information for a medical application in a time frame compatible to the clinical schedule. Further advantages include good flexibility to measure the optical coefficients at various wavelengths and the fact that the method does not require the use of a detector (CCD) with as large a dynamic range as the standard spatially resolved refiectometry.
The validation of the steady-state spatial frequency-domain reflectometry (SFDR) method, performed on optical phantoms with known optical properties, is presented below. Finally, as illustration of the capabilities of this method, we report on measurements of the optical properties of the human skin in vivo at 400 rim, 500 nm, 633 nm and 700 rim.
MATERIALS AND METHODS

Method
The principle of the SFDR method consisting of an instrumental and a simulation part is . presented in Fig. 1 . In the simulation part, a table is generated on the basis of a Monte Carlo simulation by Wang and Jacques [23] from which the absorption coefficient ~a and the reduced scattering coefficient Ps' can be determined graphically. The table relates the optical coefficients to the diffuse reflectivity of the sample and to the modulation of the backscattered light which can both be measured. In the Monte Carlo simulation, a semi-infinite, isotropic and homogeneous tissue is characterised by its absorption coefficient ~a, the scattering coefficient ~s, the anisotropy factor g, the refractive index n and the layer thickness. The diffuse reflectivity R d of the simulated tissue and the spatial resolved reflectance R(r) are calculated for an infinitely narrow light beam incident perpendicularly to the air-tissue interface (radial symmetric geometry). All photons leaving the simulated tissue with different angles are taken into account to calculate the diffuse reflectivity and spatial resolved reflectance. Then, a convolution is performed to yield the spatially resolved reflectance for incident light which is spatially modulated in intensity. The intensity profile of the incident light along the radius is a square wave profile. In other words, the illumination pattern consists of dark and bright concentric rings of equal width, beginning with a dark area in the centre. The pattern is characterised by its spatial frequency fp (mm-1), the number of bright ring's N and To determine the optical properties of a tissue sample, the sample investigated and a 100% reflecting reference material are illuminated with light modulated in intensity corresponding to the illumination pattern used for the convolution. The backscattered light from the tissue sample and from the reference material is detected with an imaging CCD camera and then analysed to determine the spatial modulation M m of the backscattered light and the diffuse reflectivity Rd, m of the sample (the index m indicates measured values [24] . The measurement of the MTF was repeated when a measurement parameter, for example the distance between tissue surface and CCD camera or the wavelength was changed.
With the measured diffuse reflectivity of the tissue sample and the modulation of the backscattered light the absorption coefficient ~ and the reduced scattering coefficient Ps' can be deduced from the table generated by Monte Carlo simulations and convolutions.
Sensitivity of the Method
Different illumination patterns with a various number of bright rings, pattern radii and spatial pattern frequencies can be used to measure the optical properties in a range corresponding to that of soft biological tissues.
First, the influence of the pattern radius on the modulation was investigated numerically. Monte Carlo simulations were calculated for ~a between 0.025 and 0.25ram -I and gs' between 0.5 and 2.5mm-i (g=0.95, ntissue=l.37). Convolutions were performed for the following conditions: pattern radius between 1.5 and 15.5 mm; N between 1 and 8; fp=0.5 mm-1
For a given pattern frequency and for values of %>>l/ge~, the modulation does not depend on the pattern radius. Effectively, both amplitudes A(f=O) and A(f=fp) of the Fourier transformation increase linearly with the pattern radius, resulting in a constant modulation. If the condition %>>l/~e~ is not satisfied, the modulation decreases with increasing pattern radius. This effect was seen up to %=11.5mm (N=6) for the conditions as described above. Therefore, the influence of the pattern spatial frequency on the sensitivity of the SFDR method was always investigated for large pattern radii between 31.5 and 37.5 mm with %>>1/g~. To find the optical pattern frequency, the influence on the sensitivity of the SFDR method was investigated numerically. Monte Carlo simulations were calculated for several combinations of the optical properties between ~ = 0.05~).5 mm -~ and p~'= 0.5-2 mm -1 (g=0.95, nti~,~=1.37). Convolutions for three different pattern frequencies fp=0.5, 0. 16 
They can be determined from the conversion tables calculated by the Monte Carlo simulations and convolutions. The sensitivities shown in Fig. 2(a-d) have been determined for ~a=0.05-0.5mm -1 and ~'=0.5-2mm -1 (g=0.95, nti .... =1.37) and for three different pattern frequencies fp=0.5 mm-1 (N= 16), 0,16 mm -1 (N=6), 0.1 mm -1 (N=4). As can be seen in Fig. 2a , SM,~ increases for increasing spatial frequencies which is also the case for SM,~j (Fig. 2b) , if p~' is larger than 1.1 mm-1.
The change of sensitivity can be explained as follows. The modulation of the backscattered light reaches its maximum, resulting in low sensitivity if the effective penetration depth is much smaller than the inverse of the pattern frequency, i.e. if only a minor proportion of the light penetrates into the non-illuminated pattern areas. On the other hand, the modulation reaches its minimum, also resulting in a low sensitivity, if the effective penetration depth is much larger than the inverse of the pattern frequency, i.e. if the light penetrates a long way through the non-illuminated pattern areas.
The sensitivities SR,,a and SR,~s', which are shown in Fig. 2c and d depend only on the optical properties and not on the spatial pattern frequency.
The relative error of the optical parameters due to the relative measurement error of Rd, m and M m can be obtained by resolving equations (la) and (lb) for E~ and E~s:
E,~ and E,, have been calculated for g~ between 0.0625 and 0.425mm-~, for g~' between 0.825 and 1.875 mm -1, and for fp=0.5, 0.166 and 0.1 mm -1 from equations (aa, b) with the sensitivities shown in Fig. 2(a-d) and with the relative measurement errors ERa= i 0.02, EM= ± 0.05 which were assumed as typical measurement errors of Rd, m and M m. E~ and Eg, are always smaller than 0.1 for this range of the optical properties and the spatial frequency fp=0.5 mm -~, in contrast to fp=0.16 mm-1 and fp=0.1 mm-1. An example of the relative errors of E,~ and E~,. for g~=0.0625 mm-~ and ~'=1.875 mm-~ which correspond to the range of optical properties of human skin at 633nm [25] and to the optical phantoms presented below is given in Table 1 
Instrumentation
The experimental set-up to measure Ra, m and M m is presented in Fig. 3 . Light from a xenon arc lamp (Lambda DG4, Sutter Instrument Company, Novato, CA, USA) filtered with interference bandpass filters ()~=400, 500, 700 rim, diameter=25 mm, FWHM=40 nm, Andover, Salem, NH, USA; )~=632nm, diameter=25 mm, FWHM =20 nm, Edmund Scientific, Barrington, NJ, USA) was coupled into a liquid light guide (Fluid-Lichtkabel, Karl Storz GmbH, Tuttlingen, Germany) to illuminate homogeneously a glass plate with the pattern (chrom mask, pattern: diameter=l.55 mm, N=8, Photonics MZD, Dresden, Germany). The image of the pattern is magnified and focused on the surface of the sample with a projection objective (AF Nikkor, f=50mm, 1:1.8, Nikon). The spatial frequency fp=0.5 mm-1 on the sample surface corresponded to the frequency used for the generation of the graphic by Monte Carlo simulations. The sample was illuminated at an angle of a=7 ° to avoid the detection of specular reflections. The power of light generating the pattern on the sample is about I mW. The backscattered light was detected by a b/w 16 bit slow scan cooled CCD camera (ST-6, Santa Barbara Instrument Group, Santa Barbara, USA), and a focused image of the sample surface was taken with a telephoto-lens (AF Nikkor, f= 75-210 mn% 1:4-5.6, Nikon). The image was digitised by the 16 bit A/D converter associated with the camera. The image acquisition time was less than 0.5s. The acceptance angle of detection was 1.25 °. Two pictures were taken under the same conditions (camera integrating time, etc.), one of the tissue sample and the second of a 100% diffuse reflecting reference sample (white reflectance coating, Eastman Kodak Company, Rochester, NY, USA). Image processing was performed using commercially available software (MATLAB, Mathworks Inc., Natick, MA, USA) with a Sun Sparc station 10/41. The background was subtracted from the two images.
The graphic to determine the optical coefficients from a measured set of Rd, m and M m was generated using the following parameters: N=8, rp=15.5 ram, fp=0. 
Optical Phantoms and Tissue Samples
The SFDR method was first validated on optical phantoms with known optical properties. between 0.93ram -1 and 1.8mm -1. It was assumed that increasing the absorption coefficient by adding a small additional amount of ink solution to the phantom would not decrease the reduced scattering coefficient by dilution. The same was assumed for the influence of an additional amount of LipovenSs on the absorption coefficient. Calculations showed that increasing the reduced scattering coefficient of the described phantoms from ~'=0.93 mm-1 to 1.8 ram-1 by adding Lipoven6s results only in a decrease of the absorption coefficient by 3%.
A second indirect method, described by Wagni~res et al. [27] and later referred to as the standard method, was used to measure the phantoms. Its principle consists of measuring the diffuse reflectivity R d and the effective attenuation coefficient ge~. ga and g~' are obtained graphically from a table generated by Monte Carlo simulations relating the measured quantities to the optical coefficients. The effective attenuation coefficient was obtained by fitting the exponential decay of the fluence rate versus the sample depth. The fluence rate was measured with an isotropic detector designed by Bays et al. [28] . The diffuse reflectivity was determined by integration sphere measurements.
After the measurements on the phantoms, the in vivo optical coefficients of the skin of six Caucasian human subjects (three males, three females) were determined at 400, 500, 633 and 700 nm. The skin was measured on the inner side of the left forearm. One measurement at each wavelength was performed per subject. 
RESULTS
Optical Phantoms
Tissue Samples
The in vivo optical coefficients of skin of six Caucasian human subjects (three males, three females) were determined with the SFDR method at 400, 500, 633 and 700 nm. The values are presented in Fig. 5 and Table 2 . The errors given in the table correspond to the standard deviation as obtained on the six subjects. As expected, the absorption and reduced scattering coefficients of human skin decrease with increasing wavelength.
DISCUSSION
SFDR Measurements on Optical Phantoms
The optical coefficients were determined with the non-invasive SFDR method based on the illumination of the investigated sample with spatially periodically modulated light. The absorption coefficients of the phantoms measured with the SFDR correspond well to the predicted ones. The maximum deviation between the predicted and measured values of g~ is 19%. The values determined with the SFDR method are generally lower than the predicted ones. This can be due to an overestimation of the absorption coefficient from the absorption measurement with the spectrophotometer. The ink solution was assumed to absorb only, therefore any scattering of the ink particles was disregarded. However, depending on the ink particle size, the absorption coefficient could be 30% lower than the one deduced from the absorption measurement with a spectrophotometer, as investigated for India ink by Madsen et al. [29] . The decrease of the absorption coefficient of 8% from phantom 5 to 12 while increasing the scattering coefficient by adding LipovenSs is probably due to an interaction between,the absorbing ink particles and the LipovenSs. Phantoms 2 and 4 were also measured with the standard method.
The absorption coefficients pa=0.016mm and 0.032 mm-1 were obtained for phantoms 2 and 4, respectively. These values are lower than those predicted by 25% and 27%, respectively. Comparing ~i a obtained with the SFDR and the standard method and the predicted values, resulting in less than 27% deviation between them, it can be concluded that the SFDR method is a reliable method to determine the absorption coefficient in the range of values corresponding to the typical absorption of red light by soft tissues' with an error of 20%. The deviation between the reduced scattering coefficient predicted and measured with the SFDR method is always lower than 9%, i.e. essentially within the error bars. The scattering coefficients gs'=0.91 mm -1 and 0.86 mm -~ were obtained for phantoms 2 and 4 with the standard method. These values are lower than those predicted by 2% and 7%, respectively, whereas the values obtained with the SFDR are lower by 2% and 5%, respectively. After comparing the results obtained with the SFDR, standard method and the predicted values of gs', resulting in less than 9% deviation between them, it can be concluded that the SFDR method is a reliable method to determine the reduced scattering coefficient in the range of values corresponding to the typical scattering of soft tissue. 
,.<-. ~. The relative errors on the optical coefficients can be calculated with equations (3a) and (3b), with the sensitivities of the method as presented in Fig. 2(a-d) and with the estimated relative measurement errors of M m and Rd, m as is shown in Table 1 . Essentially, three sources of error occur with the SFDR method.
1. Specular reflections can be detected in certain situations by the CCD camera. This has been observed with phantoms which remained at ambient temperature for several hours. The oil in the Lipoven6s formed little drops speculary reflecting light to the CCD camera. 2. An incorrect determination of the centre point of the backscattered pattern also genorates artefacts as it leads to an underestimation of the modulation.
. For all the measurements performed on both the investigated sample and the 100% reflecting reference, a lambertian light distribution is assumed and moreover, it is assumed that the diffuse reflectivity of the sample (tissue or reference) detected by the CCD camera under a small solid angle is proportional to the diffuse reflectivity coincident in a solid angle of 2~. To assess this, two simulations were carried out with typical values of the optical coefficients (~a=0.05mm -1, ~'=3mm -1, fp=0.5mm).
The first was used to calculate the modulation consisting all photons backscattered by the tissue, whereas the second only consisted of detecting the photons leaving the tissue under a small angle of 1.25 °. Comparing both modulations resulted in negligible differences smaller than 0.4%. If the distribution of the light backscattered from the samples is not ]ambertian this could lead to an error in the determination of the optical properties• An adaptation of the Monte Carlo simulation to the detection geometry could avoid this source of error•
Tissue
The relative errors corresponding to the standard deviations of the optical coefficients of skin measured on different subjects range between 8% and 21% for ~a and 5% and 11% for g~', depending on the wavelength. Due to the large illumination area, the fluctuations generated by tissue inhomogeneities are small ( Table 2 ). This difference can be due to the different nature of the measuring techniques. Indeed, the SRR method is based on illumination at a single point and detection of the diffuse reflectance at a distance of several millimetres from the illumination spot. Photons detected far (several mm) from the illumination point have propagated deeply in the medium and are therefore probing deep-seated tissue. Such photons play a less important role in the SFDR method as most of the detected signal is due to the backscattered photons near the illumination. This means that different tissue volumes are investigated with these methods or in other words, the SFDR method gives values which correspond to more superficial tissues than the values given by the SRR method.
Another effect may also explain the discrepancy between the values of g~' measured with the SFDR method and the values reported in the literature. Due to the roughness of the tissue-air interface, the light is not reflected speculary in only one direction, and therefore detected in part by the camera despite of the angle between the illumination and detection axis being 7 ° . This results in an overestimation of both Ra. m and Mm, and overestimated values of gs' (Fig. 5) . As a precise description of the roughness of skin is extremely difficult to perform, an improvement of the SFDR method consists of avoiding the detection of specular reflections. This can be done by investigating 63 Fig. 5 has to be adapted to take into account the modifications proposed here. It should be noted that the roughness of the air-tissue interface also plays a role in most other techniques presented in the literature, but its effect on the measured values has never to our knowledge been corrected. Detecting of the backscattered light near the illumination point is more sensitive to variations of the anisotropy factor due to the small number of scattering interactions. Monte Carlo simulations were performed for three values of the anisotropy factor g=0, g=0.8 and g=0.95 and for two sets of ~a and ~s' to evaluate the influence of g. The simulation parameters were: ntls~ue=l.37, semi-infinite geometry, 10 v photons, fp=0.5mm -1. The values of ~a and g~' of these simulations correspond to the range of the skin optical properties at 633 nm and to the optical properties of the liquid phantoms presented in this study. As is shown in Table 3 , decreasing g increases the modulation, whereas R d is essentially constant. Decreasing g from 0.95 to 0.8 results, for ~s'=0.5mm -1, in relative errors of 23% and 19% for ~a and gs', respectively and, for ~s'=5 ram-1, in relative errors of ~a and ~' of 4% and 2%, respectively. The influence of g on the optical properties was determined graphically from the conversion table presented in Fig. 5 . As it is known that the anisotropy factor of soft mammalian tissues ranges typically between 0.8 and 0.95 [12] , the influence of a variation of g within these limits can be disregarded for the measurements performed with the SFDR method. To determine the optical properties of tissues with a low scattering coefficient (~ts'<0.5mm 1), it is necessary to investigate the influence of g on the sensitivity and on the measurement error in dependence of the pattern frequency.
Finally, an improvement on the SFDR method is to adapt it to a tissue model with a multilayered structure by Considering the amplitudes of the Fourier transformed at multiples of the spatial frequency fp in order to extract the optical coefficients of the different layers.
CONCLUSIONS
It has been shown that the SFDR method enables a non-invasive and in vivo determination of the absorption and reduced scattering coefficients of tissue. It is not even necessary to touch the tissue. The new method was validated with phantoms with known optical properties, moreover, the absorption and reduced scattering coefficients of skin were determined at 400, 500, 633 and 700 nm. The coefficients obtained at 633 and 700 nm correspond well to values represented in the literature. A major advantage of the SFDR method is that it uses a relatively large tissue area to determine a mean value of ga and gs'. Therefore, local tissue inhomogeneities have a low influence on the measurement, resulting in low standard deviations. Finally, it should be noted that the SFDR technique is well-suited to performing endoscopic measurements in most of the hollow organs using the imaging capabilities of endoscopes.
